Prior studies have assessed the effects of load carriage on the tibia. Here, we expand on these studies and investigate the effects of load carriage on joint reaction forces (JRFs) and the resulting spatiotemporal stress/strain distributions in the tibia. Using full-body motion and ground reaction forces from a female subject, we computed joint and muscle forces during walking for four load carriage conditions. We applied these forces as physiological loading conditions in a finite-element (FE) analysis to compute strain and stress. We derived material properties from computed tomography (CT) images of a sex-, age-, and body mass index-matched subject using a mesh morphing and mapping algorithm, and used them within the FE model. Compared to walking with no load, the knee JRFs were the most sensitive to load carriage, increasing by as much as 26.2% when carrying a 30% of body weight (BW) load (ankle: 16.4% and hip: 19.0%). Moreover, our model revealed disproportionate increases in internal JRFs with increases in load carriage, suggesting a coordinated adjustment in the musculature functions in the lower extremity. FE results reflected the complex effects of spatially varying material properties distribution and muscular engagement on tibial biomechanics during walking. We observed high stresses on the anterior crest and the medial surface of the tibia at pushoff, whereas high cumulative stress during one walking cycle was more prominent in the medioposterior aspect of the tibia. Our findings reinforce the need to include: (1) physiologically accurate loading conditions when modeling healthy subjects undergoing short-term exercise training and (2) the duration of stress exposure when evaluating stress-fracture injury risk. As a fundamental step toward understanding the instantaneous effect of external loading, our study presents a means to assess the relationship between load carriage and bone biomechanics.
Introduction
The prevalence of stress-fracture injuries, especially in the lower extremity (including tibia and knee), remains a leading health concern for the United States (U.S.) military Service Members [1] . Epidemiological studies have shown that women are at a higher risk for developing stress-fracture injuries than men (1.5-5.0 times higher) during basic combat training [2] .
There are many suspected risk factors, with their independent and interacting effects on the injury mechanisms still unclear. A substantial body of literature attributes training-induced stressfracture injuries to repetitive, internal mechanical loading arising from training regimens, including training intensity, volume, type, frequency, and rate of change in the regimen [3] . Load carriage, an inevitable part of military life during both training and operations, further amplifies injury risk by inducing aberrant changes in gait mechanics and external forces experienced by the body [4, 5] . Although there are no documented mechanistic links between load carriage and internal forces, physicians often advise patients with joint injuries to avoid carrying heavy loads [6] . Furthermore, the current etiologic hypothesis of stress-fracture injuries is that mechanical loading environment (i.e., bone stress and strain) regulates osteocytes within the bone matrix, and bone adapts to the loading environment by altering its geometry and improving its structure [7] . Excessive internal forces elevate bone mechanical stress and strain, generating microscopic fatigue damage in the form of cellular and extracellular degeneration that may lead to stress fracture [8] . An accurate estimation of internal mechanical loading environment during exercises is therefore integral for understanding the relationship between exercise and skeletal health. Characterizing how gait mechanics, joint reaction forces (JRFs), and bone stress/strain distributions respond to load carriage can assist in the systematic evaluation and design of load carriage and may help reduce injury rates.
Past telemeterized knee-replacement studies revealed that knee contact forces can be as high as three times the body weight (BW) during normal walking [9, 10] , suggesting even greater internal forces during strenuous activities or with heavy load carriage. To date, only a few bone strain measurements have been performed in humans, and substantial variations exist in response to different locomotive activities, experimental conditions, and measuring sites [11] . The technical challenges and ethical restrictions associated with implanting strain gauges in these experiments make them impractical for use in large numbers of healthy subjects [12] . As an alternative, computational musculoskeletal analysis approaches have been shown to predict JRFs that are comparable to in vivo measurements [13] [14] [15] . Moreover, musculoskeletal analysis enables quantification of muscle and JRFs necessary to replicate the complex mechanical environment surrounding the bone, which can be used to define physiologically realistic loading conditions for performing finite-element analysis (FEA) to characterize the spatiotemporal strain and stress distributions in the bone [16] .
FEA has been accepted as a useful tool in biomedical research. However, models capable of predicting stress/strain distributions during various activities are rare, due to the challenges in specifying both subject-specific and activity-dependent input data, such as motion pattern, skeletal alignment, muscle physiology, bonesegment geometry, and tissue properties. The last two factors determine the accuracy of the reconstructed geometrical model and the suitability of the adopted material property model, whereas the remaining factors contribute to the dynamic internal joint and muscle forces acting on the bone (i.e., the loading conditions of the FEA). With the rapid advancements in computational power and imaging modalities, geometrical reconstruction and mesh generation can now be subject-specific and automated [17] . Techniques such as quantitative computed tomography (QCT)-based FEA have gained popularity due to their ability to incorporate both bone morphology and bone mechanical material properties. However, existing QCT-based FEA of the lower extremities (such as the tibia and the knee) generally has, by and large, been limited to biomechanical changes due to age-or disease-related bone degeneration and often uses idealized or highly simplified loading conditions (i.e., it only includes a few muscle forces) [18] . In contrast, exercise-related activities, such as walking while carrying loads, induce dynamic (time-varying) muscular and joint forces on the tibia. Therefore, evaluation of the risks of stress fracture from these exercise-related activities should include physiologically relevant loading conditions. Hence, the objectives of this work are to incorporate physiologically realistic loading of the tibia along with spatially varying material properties to quantify the biomechanical impact of load carriage. To this end, we developed an integrated musculoskeletal and dynamic stress-modeling framework capable of determining the kinetics, JRFs, and tibial strains/stresses during normal walking and when carrying loads. We investigated the following hypotheses: (1) changes in lower-extremity JRFs in response to load carriage depend on joint location and time point in the gait cycle, (2) high tibial stresses due to walking occur at multiple locations in the tibia during the pushoff phase, and (3) cumulative tibial stress (i.e., stress-time exposure) distribution during one gait cycle differs from tibial stress distributions at any time point of the walking cycle.
Materials and Methods
Musculoskeletal Analysis and Inverse Dynamics. We used the AnyBody Modeling System TM (AnyBody Technology, Aalborg, Denmark) to perform the musculoskeletal analysis ( Fig. 1) [14] . Our model was driven by the data obtained from the motion-capture experiments described by Silder et al. [5] and approved by the Stanford University Institutional Review Board. Briefly, a healthy female subject (body mass, 66 kg; age, 27 yr; and height, 1.7 m) free of current and past injury walked on a force-sensing treadmill at her preferred speed (1.3 m/s) carrying no load (0%, baseline model) and with an additional load of 10%, 20%, or 30% of BW using an adjustable weight vest. To mimic the motion-capture experiments, where approximately equal weight was applied in the front and back, we defined an external force directly to the center-of-mass (CoM) to replicate the load. The measured ground reaction forces (GRFs) reflected the mechanical impact of load carriage. We attached a backpack to the musculoskeletal model for visualization, with the weight defined as zero to minimize the change in anterior-posterior CoM location. Output from the motion-capture experiments included kinematics (tracked marker trajectories), kinetics (GRFs), and electromyography (EMG). Due to the lack of subject-specific medical images and musculoskeletal parameters, we used available anthropometrical data (e.g., height, body mass, fat percentage, and sex) to scale a previously validated musculoskeletal geometry model. This generic model was based on medical imaging data and cadaver dissection, including bones, muscles, subcutaneous fat volumes, bony landmarks, ligaments, muscleattachment sites, line-of-action of muscle actuators, bone wrapping surfaces, and joint geometries [19] . The implemented musculoskeletal geometry model consisted of seven rigid bodies in the lower extremity, including pelvis, thigh, shank, and foot, and 55 Hill-type muscles per leg [20] . We modeled the hip joints as spherical joints to enable flexion/extension, internal/external rotation, and abduction/adduction movement. We modeled the knee and ankle joints as revolute joints allowing flexion/extension rotation. We modeled the patella segment to be connected to the femur and the tibia by a revolute joint and a patellar tendon, respectively. This patellofemoral joint does not allow translation but allows for a small amount of rotation.
Bone-segment lengths are difficult to measure because of uncertainties about the distances between light-reflective markers and actual joint positions underneath the tissue. We determined joint positions and orientations by minimizing the errors between markers defined in the model and those tracked in the experiment in a least-squares manner [21] . Thereafter, we computed muscle activities and JRFs over one gait cycle using an inverse dynamics approach by minimizing the sum of cubed muscle activities, where the muscle activity was defined as the muscle force divided by the muscle strength [14] . We performed the whole-body musculoskeletal analysis for walking with no load (0%, baseline) and with an additional load of 10%, 20%, and 30% of BW.
Finite-Element Analysis. Owing to the lack of subject-specific images for traditional geometrical reconstruction [22] , we applied a host-mesh fitting (HMF) method [23] to morph the shape and map the spatially varying material properties from a source mesh onto the target mesh. To obtain the source mesh, we identified a sex-, age-, and body mass index (BMI)-matched subject from the Musculoskeletal Atlas Project (MAP) database [24] , which contains data from the Victorian Institute of Forensic Medicine (Melbourne, VIC, Australia). We segmented the CT images of the MAP subject to create a high-quality (i.e., 2.0 mm average edge length) tetrahedral mesh (source mesh) with per-element Hounsfield units (HU) sampled from the images. We obtained the target mesh (i.e., the FEA model) by extracting the outer surfaces from the left tibia of the scaled musculoskeletal model as a stereolithography (STL) file. We refined and converted the STL mesh to a ten-node quadratic tetrahedral mesh using 3-matic v7 (Materialise, Leuven, Belgium). The tetrahedral elements in the target mesh possessed an average edge-length of 4.0 mm (determined using a mesh convergence study).
Next, we morphed the source mesh to the target mesh by minimizing the distance between the source and target mesh surfaces using a three-step mesh-morphing algorithm. Briefly, first we performed rigid registration and isotropic scaling to align the source mesh to the target mesh. Then, we embedded the source mesh into a host mesh [23] comprised of a single tricubic Lagrange element. Finally, we used the HMF method to morph the source mesh onto the geometry of the target mesh, which involved deforming the host mesh to minimize the least-squares distance between each node on the target mesh surface and its closest node on the source mesh surface. Internal nodes were excluded in the distance calculation because the two meshes had different resolutions, thus making it difficult to assign correspondence between internal nodes. Instead, internal nodes of the source mesh were passively deformed by the host mesh. We used Sobolev smoothing to ensure smooth host-mesh deformation and avoid element distortion [25] .
After morphing the source mesh onto the geometry of the target mesh, we mapped the HU distribution of the deformed source mesh onto the target mesh by searching for the closest element. We assigned the median value of the nearest ten elements in the deformed source mesh to each target mesh element to achieve a smooth HU distribution and prevent artificial stress concentrations. We used the average distance between each node p on the target mesh surface and its closest node q on the morphed source mesh surface over the n nodes of the target mesh to evaluate the morphing error e e ¼ 1 n
To assure that no element distortion occurred as the result of mesh morphing, we examined the percentage of elements that failed the following quality criteria in the morphed source mesh: aspect ratio >5, skewness >60, Jacobian ratio <0.7, minimum angle <20 deg, and maximum angle >120 deg. After mesh morphing, we converted the resultant HU values obtained in the target mesh into apparent densities and then to elastic modulus using a procedure similar to that used by Morgan et al. [26] . We assigned a Poisson's ratio of 0.325 and 0.167 for the bone region (HU > 100) and the intramedullary tissue region (HU < 100), respectively [27] . All the extracted material properties were modeled as linear elastic and isotropic. This procedure produced 135,897 unique material properties for the tibia model. Using an in-house-developed Tool Command Language script, we exported the material property definitions into an ABAQUS input file for structural analysis (ABAQUS 6.12, Dassault Systèmes, V elizy-Villacoublay, France).
We exported muscle forces and bone forces/moments obtained from the whole-body musculoskeletal analysis in a local coordinate system defined at the tibial plateau as loading conditions in the FEA (Fig. A-1 in Supplemental Materials). The process included identifying positions of muscle and ligament attachment nodes in the FE mesh, exporting each force/moment component as concentrated loads, and defining coupling constraints between 
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To account for the cumulative effects of tibial stress, we calculated stress-time exposure (in MPaÁs) over the tibial surface by integrating the FEA-predicted nodal contact stress values throughout the entire gait cycle. Thereafter, to quantify the change in volume engagement (i.e., volumetric fraction) of stress and stress-time exposure with load carriage, we first determined four pseudothresholds of stress from the baseline model that divided the cortical zone into five parts with equal volume. We conducted the same process in the baseline model to identify another four pseudothresholds of stress-time exposure distribution. Using these two series of pseudothresholds defined from the baseline model, we calculated the change in volume engagement due to loads of 10%, 20%, and 30% of BW. Finally, in the absence of any specified damage threshold above which the mechanical loading exerted on the tibia might be harmful, we defined ad hoc "high" stress and stress-time exposure to be the pseudothresholds that maximally discriminated the impacts of load carriage [28] .
Results Model Assessment
Musculoskeletal Analysis. Because invasive JRF measurements are impractical in healthy subjects, we compared our baseline noloaded walking predictions with the available literature data of elderly patients who received total joint replacements (Table 1 ) [29] [30] [31] [32] [33] [34] [35] to ascertain that our model predictions were within the physiological limits. The experimentally measured peak JRF values ranged from 2.9 to 4.1 BW at the hip and 2.5 to 3.2 BW at the knee compared to our model predictions of 4.3 and 4.4 BW at the hip and knee, respectively. Moreover, we compared the predicted muscle activations necessary to produce the measured dynamic marker trajectories during experiments with EMG measurements (Fig. 2) [36] . The predicted and measured muscle activities show similar features, including biphasic activation of the dorsiflexor (e.g., tibialis anterior, see Fig. 2 Finite-Element Analysis. We compared the in vivo tibial strain measured at the medial side of the midtibia [37] , which was the only available tibial strain profile during one walking cycle in an age-matched subject, to the predicted axial-strain profiles from the baseline model at the corresponding cross-sectional plane. After adjusting for body weight and stride length, the predicted axialstrain profiles obtained at the medial line of the midshaft of the tibia showed two pronounced peaks (Fig. 3) , consistent with the in vivo data [37] . At the first, and lower, of the two peaks, the simulations underestimated the strains in the anterior border (i.e., the anterior crest) (Fig. 3(a) ) and considerably overestimated them in the posterior aspect of the tibia (Fig. 3(b) ). The second, and higher peak, occurred in the late stance phase and showed good agreement with the in vivo data [37] . The predicted peak tibial principal strains ([371.6 (standard deviation (SD) ¼ 92.7) lE] for tension and À716.1 (SD ¼ 203.7) lE for compression) were within the range of in vivo strain measurements during walking reported in the literature (i.e., 237-1250 le) [38] . Mesh Morphing. Visual examination revealed that the morphed source tibia (Fig. 4(a) , blue) possessed very similar shape and geometry as the target tibia (Fig. 4(a), red) . Quantitatively, the error e between the morphed source mesh and the target mesh was 5.9 mm after rigid registration, which was reduced to 1.4 mm after HMF. The largest discrepancy occurred in the distal end, due to the complexity of the structure and, specifically, the presence of the medial malleolus. The percentage of elements that failed the mesh quality assessment was less than 0.8%, indicating that the morphing algorithm was successful in reproducing the shape of the target tibia and maintaining the mesh quality (i.e., without introducing element distortion). Figures 4(b)-4(e) showed the distribution of the tibial Young's modulus in different views, suggesting that the Young's modulus was higher on the medial surface and lower on the lateral surface. Furthermore, a coronal cross section revealed higher Young's moduli in the cortical region of the diaphysis (Fig. 4(f) ).
Kinetics and Kinematics. Figure 5 shows the temporal evolution of muscle activities when walking with 30% of BW during one gait cycle. Changes in joint kinematics in response to load carriage (Figs. 6(a)-6(f) ) were in good agreement with the prior work [5] . In the baseline model, the ankle was exposed to the highest internal forces (4.7 BW), as compared with 4.4 BW and 4.3 BW at the knee and hip, respectively. With additional 10%, 20%, and 30% of BW load, the JRFs increased, respectively, by 4.3%, 15.1%, and 16.4% at the ankle; 8.0%, 23.3%, and 26.2% at the knee; and 13.5%, 17.1%, and 19.0% at the hip (Figs. 6(g)-6 (i); see Table S1 , which is available under the "Supplemental Materials" tab for this paper on the ASME Digital Collection, for the changed joint kinematics and kinetics as a function of load carriage).
Tibial Stress and Strain. The spatiotemporal distribution of von Mises stresses suggested a relationship between elevated stress magnitudes and load carriage (Fig. 7) . For all the cases of load carriage, von Mises stresses in the medial side of the diaphysis were higher than the remaining surfaces, with their locations expanding from the medial to the entire posterior aspect as the gait progressed. For the same time point, the peak stress region occurred at the proximal diaphysis, corresponding to the location of the semitendinosus muscle of the hamstring muscles. Compared to carrying no load, carrying an additional 30% of BW increased the magnitudes of peak von Mises stresses at pushoff from 24.1 MPa to 32.9 MPa at the anterior crest, and from 40.3 MPa to 58.5 MPa in the medial aspect of the tibia ( Table 2) .
The directions of principal stresses and strains were in alignment with the axial direction of the tibia. For all the load-carriage conditions, the anterior crest was exposed to tension, while the posterior aspect experienced compression. At pushoff, we observed the peak maximum principal strain (i.e., peak tensile strain) on the anterior crest, and the peak minimum principal strain (i.e., peak compressive strain) on the posterior surface and around the medial border. An extra 30% of BW load carriage increased the peak principal stress by 34.5% in the anterior crest and by 39.1% in the posterior aspect of the tibia compared to those of the baseline model. Peak stress and strain in the anterior crest (dashed lines) were 19.2 (SD ¼ 3.9) MPa (Fig. 8(a) ) and 1049.3 (SD ¼ 108.6) lE (Fig. 8(c) ), respectively, for baseline, and 23.5 (SD ¼ 6.5) MPa (Fig. 8(b) ) and 1223.9 (SD ¼ 288.3) lE (Fig. 8(d) ), respectively, for the 30% of BW load condition. Peak stress and strain in the posterior aspect (solid lines) were À35.3 (SD ¼ 8.1) MPa (Fig. 8(a) ) and À2497.3 (SD ¼ 425.9) lE (Fig. 8(c) ), respectively, for the baseline model, and À38.1 (SD ¼ 15.7) MPa (Fig. 8(b) ) and À3051.3 (SD ¼ 761.7) lE ( Fig. 8(d) ), respectively, for the 30% load-carriage condition.
In the baseline model, we first identified four pseudothresholds in von Mises stress distribution at pushoff (5.3, 6.2, 8.6, and 14.5 MPa, see Fig. 9(a) ), and four pseudothresholds in the stress-time exposure distribution (0.1, 0.3, 0.8, and 1.9 MPaÁs, see Fig. 9(b) ). The histograms of volume engagement of stress ( Fig. 9(a) ) and stress-time exposure (Fig. 9(b) ) indicated that there was greater tibia volume subjected to higher stress and stress-time exposure with increasing loads. Additionally, the percent of the tibia experiencing high stress (>14.5 MPa) increased from 20.0% in the baseline walking condition to 21.7%, 24.5%, and 25.1% when carrying 10%, 20%, and 30% of BW, respectively. The tibial volume experiencing high stress-time exposure levels (>1.9 MPa s) increased from 20.0% in the baseline walking condition to 21.1%, 23.4%, and 25.6% when the subject carried loads of 10%, 20%, and 30% of BW, respectively. Finally, considering the time of exposure to mechanical stress, the region subjected to "high mechanical loading" shifted from the anterior crest and the medial surface of the tibia to the medioposterior aspect of the tibia (Figs. 9(c) and 9(d) ).
Discussion
To the best of our knowledge, this is the first study that integrated musculoskeletal and FE modeling approaches to determine the effects of load carriage on gait mechanics, JRFs, and tibial spatiotemporal stress/strain distributions. Compared with shown. Muscle activity is described as 0-100% of maximum activity. At HS, the tibialis anterior is activated until the foot is completely in contact with the floor. Gluteus medius is activated before HS to prepare for load bearing and continues to be active throughout the first half of the stance phase. At FF, the hip moves slowly into extension caused by a contraction of muscles, such as the gluteus maximus. Extension of the knee is caused by a contraction of the quadriceps, and flexion is caused by a contraction of the hamstrings. At MS, the hip moves from flexion to extension by the contraction of the gluteus medius muscle. During PO, gastrocnemius and soleus are activated to accelerate the body forward, reaching more than 60% of muscle strength. commonly adopted, simplified loading conditions (i.e., with no, or only a few, muscle forces included), the incorporated muscle forces produced arguably more realistic deformations and strain distributions in the tibia. In support of our first hypothesis, we found that the change in JRFs in response to load carriage depends on joint location and time point in the gait cycle. In addition, the results suggest that load carriage increased JRFs at a rate disproportionate to that of the load carriage. Under all the load-carriage conditions, the greatest internal JRF occurred at the knee during the pushoff phase. In support of our second and third hypotheses, we observed greater stress on the anterior crest (tension) and the medial surface (compression) of the tibia at pushoff. Greater stress-time exposure occurred in the medioposterior aspect of the tibia. Our methods present a means to assess the relationship between load carriage and bone biomechanics for systematic evaluation and design of load carriage.
There are a few interesting observations from the FEA results. First, it is not surprising that load carriage increased both peak stress and bone volume experiencing high stresses (Figs. 7-9) . However, the results provided insights on the locations of high-stress zones (i.e., the anterior crest and the medial aspect of the tibia) and that of high stress-time exposure (i.e., the medioposterior surface). Moreover, the stress distribution revealed the independent and interacting effects of spatially varying material property distribution and muscular engagement on tibial biomechanics during walking. Specifically, we observed two high-stress regions, coinciding with the area of higher elastic moduli (i.e., the anterior crest and the medial aspect of the tibia). Between these two regions, the one on the medial surface of the tibia corresponded to the location where the semitendinosus muscle inserted, while the one on the anterior crest of the tibia is close to the front muscles, such as the tibialis anterior. The engagement of the gastrocnemius, soleus, and the tibialis posterior muscles contributed to the increased high stress-time exposure in the medioposterior region of the tibia. Among the abovementioned muscle groups, the semitendinosus muscle is part of the hamstring muscle group, functioning as a major knee flexor and thigh extensor. It also helps to medially rotate the tibia on the femur when the knee is flexed and medially rotate the femur when the hip is extended. The tibialis anterior stabilizes the foot during the stance phase. The gastrocnemius is a powerful plantarflexor of the foot, which aids in pushing the body forward when a person walks or runs. The soleus and the tibialis posterior muscles are responsible for lifting the heel to support the subject's weight on the ball portion of the foot. Previous studies have shown that aberrant changes to these muscular activities can predispose the tibia to stressfracture injury. For example, excessive training on hard surfaces may damage the tibialis anterior and may cause anterior tibial stress fracture [39] , while excessive pronation (i.e., flat feet) and poor ankle biomechanics may fatigue the soleus and the tibialis posterior muscles, eventually causing posterior tibial stress fracture [40] . Through our musculoskeletal model, we were able to characterize the combined effect of the muscular engagement and the spatially varying material properties on the Table 2 Model-predicted peak tibial von Mises stress at pushoff for walking with no load (0%) and an additional 10%, 20%, and 30% of body weight (BW) biomechanical response of the tibia to load carriage, which may predispose the tibia to stress-fracture injury. Second, our model predicted peak strain on the medioposterior aspect of the upper tibia (Figs. 6, 7, and 9), whereas experiments typically measure bone strains on the medial or anteromedial aspect, due to challenges associated with attaching strain staples or strain gauges underneath calf muscles [11] . This suggests that in vivo measurements are potentially underestimating the actual peak tibial strain. Finally, the percentage increase in peak compressive strain was greater than the peak tensile strain (39.1% versus 34.5%) when walking with 30% BW load carriage. This indicates different mechanisms by which the anterior and posterior portions of the diaphysis are subjected to injury susceptibility [41] .
Prior studies suggest that both joint mechanical work and metabolic energy expenditure increase approximately linearly with carried load [42] . While all the lower-extremity joints contribute to the increased mechanical work, the patterns of the changes or the impacts on tibial stress/strain distributions are unclear. Our musculoskeletal analysis results suggested that the increases in JRFs due to load carriage were dependent on the phase of the gait cycle, as well as the location of the joint. Under all the load-carriage conditions, the highest JRFs occurred at the pushoff phase. This is because at this time point, the lever arm of the GRF caused an ankle plantar flexion moment and large activations of the soleus and gastrocnemius (Fig. 2) . These muscle contractions, combined with the GRF, led to the highest internal loads at the ankle during a gait cycle. It was not entirely unexpected that internal JRFs at all the joints increased with load carriage (Fig. 6) . However, the changes in JRFs were not proportional to load carriage (Table S1 is available under the "Supplemental Materials" tab for this paper on the ASME Digital Collection"), suggesting nonlinear and nonuniform changes in muscle activity due to load carriage [5] . This is likely a consequence of coordinated adjustments in the musculature to maintain balance and attenuate the effects of increased loads while walking. Our observations were consistent with previous reports regarding the paradoxical roles that muscles play in both injury development and prevention. Lower-extremity muscles exert more than 3-10 BW of compressive axial forces during everyday activity, such as walking [43] , or during strenuous activity, such as running [44] . However, muscles also act to mitigate the load exerted on bone by dissipating forces as well as absorbing bending moments [45] . More importantly, results show that the knee JRF was most sensitive to load carriage (26.2% increase at 30% of BW, compared with 16.4% at the ankle and 19.0% at the hip). Our results highlight the need to reduce aberrant knee JRFs to prevent knee injury, which is the most frequently observed noncombat musculoskeletal injury in the U.S. Army [4] and the civilian population, as well [46] .
Bone strength is known to be heavily influenced by dynamic mechanical loading via adaptive bone formation that changes both its geometry and strength [7, 47] . However, in the case of greater-than-customary loading (i.e., magnitude and/or frequency), stresses and strains that lead to functional adaptation of bone also lead to fatigue damage of bone and, potentially, stress fracture. Therefore, the characterization of internal mechanical loads, such as JRFs and stress/strain distributions in the bone, provides a more comprehensive assessment of bone biomechanics and an improved understanding of potential risk factors. Toward this end, our modeling framework provides a means to mechanistically study the dose-response relationships between whole-bone biomechanics and load carriage. The model can also be extended to study intersubject variability by incorporating high-resolution imaging and EMG data from healthy subjects under various exercise conditions. Furthermore, by using devices such as an accelerometer, it may be possible to use our model to correlate stress-fracture injury occurrence with individual training histories, and gain insights that could potentially be used to quantify bone damage thresholds and training capacity based on cumulative stress-time exposure.
Our model is limited by the assumptions employed to construct the model, and our inability to perform direct validation. From a practical standpoint, direct validation of the model predictions in healthy humans is not feasible. In an attempt to provide an element of validation of the developed methodology, we compared our model results with the literature and found the results to be within the physiological range (Fig. 3 , Table 1, and Table S1 is available under the "Supplemental Materials" tab for this paper on the ASME Digital Collection). Moreover, by comparing the onset and offset timing of muscle activity, the predicted muscle-force profiles demonstrated good agreement with EMG measurements of muscle activation once electromechanical delays (estimated to be around 10% of gait cycle) were taken into account (Fig. 2) . The "good" agreement referred to the similarity in the timing between the experimental and simulation results. Capturing these features of muscle activities was important because these muscles are the primary decelerators and accelerators of the body and therefore the dominant factor contributing to the tibial stress/strain distributions (i.e., the loading forces).
Our musculoskeletal model predicted greater JRFs than experimentally observed (Table 1) , and muscle activation lagged the EMG signal (Fig. 3) . While musculoskeletal analysis based on maximizing muscle endurance and postponing fatigue has been extensively used, it has been reported to overpredict JRFs, compared to in vivo measurements [48] . However, experimental techniques, such as telemeterized axial force measurement that are based on the deformation of the fixation device, may frequently underestimate internal loads, as the implant site could carry some of the load, leading to reduced deformations in the device [49] . Furthermore, the available experimental JRFs used for comparisons were from older patients with joint replacements, and it is reasonable to expect reduced internal forces due to reduced muscle functions. Finally, an inherent electromechanical delay exists between the onset of electrical activity and measurable tension (muscle forces) [50] , and a perfect correlation between EMG signal and estimated muscle forces would theoretically exist only if an EMG-driven objective function was to be incorporated. Another limitation of our musculoskeletal model stems from simplifying the knee joints as revolute joints. While it is adequate to describe the hip joints as standard ball-socket joints and the ankle-subtalar joints as revolute joints, the knee joint's motion is much more complex, including both translation and rotation. Previous studies have shown that skeletal misalignment increases the knee frontal plane moments during the stance, which may increase the risk of stress-fracture injury [51] .
In the absence of subject-specific medical images, we were not able to reconstruct individualized tibial geometrical structure for the FEA. We scaled a 50th percentile European female generic musculoskeletal model using anthropometric measurements. Thereafter, we conducted a motion and parameter optimization procedure that not only constrained the model to follow the recorded marker trajectories but also optimized the subject's parameters, including segment lengths and marker placements. Statistical shape analysis of clavicular cortical bone using CT scans of 20 subjects revealed that bone length is responsible for the most significant anatomical variation in bone morphology, indicating that our model captured the primary morphological feature, despite some loss of regional details [52] . Similarly, we used tibial material properties mapped from a sex-, age-, and BMI matched subject for the FEA. This approach along with the use of linear elastic and isotropic material property assumption can affect the tibial stress/strain predictions. However, we expect that similar patterns of increased tibial stress/strain as the result of load carriage would be seen, had the subject-specific, anisotropic material property been applied. Individual musculoskeletal properties and bone morphology, which will undoubtedly improve the accuracy of injury risk, should be considered in future analysis. Nevertheless, we believe that the results from this study, along with the novel methodology to couple musculoskeletal analysis with FEA, represent a way forward to better understand internal loading in the bone and would benefit the orthopedic research community.
